Abstract-Three dimensional, time dependent numerical simulations of healthy and pathological conditions in a model kidney were performed. Blood flow in a kidney is not commonly investigated by computational approach, in contrast for example, to the flow in a heart. The flow in a kidney is characterized by relatively small Reynolds number (100 < Re < 0.01-laminar regime). The presented results give insight into the structure of such flow, which is hard to measure in vivo. The simulations have suggested that venous thrombosis is more likely than arterial thrombosis-higher shear rate observed. The obtained maximum velocity, as a result of the simulations, agrees with the observed in vivo measurements. The time dependent simulations show separation regimes present in the vicinity of the maximum pressure value. The pathological constriction introduced to the arterial geometry leads to the changes in separation structures. The constriction of a single vessel affects flow in the whole kidney. Pathology results in different flow rate values in healthy and affected branches, as well as, different pulsate cycle characteristic for the whole system.
INTRODUCTION
While in vivo and in vitro experiments are well known and recognized methods in medical research, computational studies are only starting to get acceptance among physicians. This new method, known as in silico research, is rapidly gaining interest in the biomedical field due to its potential for speeding up the rate of discovery while reducing the need for expensive laboratory work and animal experiments. 35 Renal disease is an important cause of mortality and morbidity worldwide with rapidly growing prevalence in emerging and Third World countries due principally to the increase of life expectancy and prevalence of diabetes and hypertension. Chronic kidney disease (CKD) is observed in about 25% of the population older than 64 years 49 with almost 2/3 of these people suffering primary from diabetic nephropathy, nephroangiosclerosis and arteriosclerotic lesions of larger vessels with secondary chronic ischemic kidney disease. 41 All these pathological conditions involve primary the renal arterial vascular system ranging from the main supplying medium-sized renal artery to the glomerular and peritubular capillaries. Thus, diabetes is known to be the major risk factor for the development of macro-and microangiopathy and is responsible for the formation of stenotic lesions of the renal artery and as well as nodular diabetic glomerulosclerosis and intercapillary glomerulonephritis both affecting capillaries and adjacent structures.
14 Arteriolosclerosis and hyalinosis, a lumen obliterating condition in renal arterioles, with secondary glomerular ischemia, are characteristic lesions in uncontrolled arterial hypertension. 38 To a lesser extent, middle-sized intrarenal arteries and the venous system may also be affected by vasculitis and thromboembolism. 9, 19 The specific pathophysiological mechanisms and vascular structure involved in the aforementioned diseases, as well as the time course in the progression these conditions make the modeling of the renal circulation very appealing.
In this paper we have focuses on numerical investigations of the blood flow in the kidney model.
The pressure and flow distribution in the intrarenal circulation is of great interest given by the expected changes of the intrarenal vascular circulation in CKD. 1 Vein and arteries follow Murray law 23 concerning mass flow rate and branch order in the vascular tree. This observation was confirmed also by studying various animals and humans vascular system. 22 The renal vasculature is a portal system: it is characterized by two capillary networks in series, namely, the glomerular and the peritubular. The blood enters from the renal artery with a pressure comparable to the systemic pressure in the abdominal aorta. The renal artery divides into segmental arteries feeding interlobar arteries. The latter divide into arcuate arteries characterized by being parallel to the kidney surface, and giving rise to numerous perforating radial arteries, which are the origin of the afferent and efferent arterioles respectively, feeding and draining the glomerular capillary bundle.
The model is based on the dimensional data of the rat kidney vasculature. The three-dimensional geometry of the renal arterial and venous tree is in accordance with the radii and lengths published by Nordsletten et al. 25 The Strahler's order is used to describe the different segments of the renal vascular tree. It is one of the numerous ordering systems proposed to measure numerically the branching complexity of the vascular arborescence. It starts by labeling all terminal arterioles as order 0, and then counts up following the vessel segments upstream.
According to Nordsletten et al., 25 there is a tight correlation between this order and the vessel radius. Since blood flow through the systemic circulation is influenced most significantly by vessel diameter, this ordering provides insight into blood distribution.
The arterial and venous trees used for the simulation represent the macroscopic parts of the uni-lobar rat kidney. For the arterial tree it starts with one feeding renal artery, that trifurcates into three arteries (segmental or early interlobar), which then give rise to the long interlobar arteries. These bifurcate into different generations of arcuate arteries, which are parallel to the renal cortex. The same order has been used for the venous tree. Table 1 gives the Strahler's order of each segment.
According to Trueta et al. 36 there is no fundamental difference between the minute vascular pattern of the individual lobules of the adult human kidney and the single lobule of the rabbit's kidney. Ufendahl et al. 39 extended this statement to all mammal kidneys. Since rabbit and rat kidney are both unilobar, the vascular data of the rat kidney were used in this computational study to describe one lobule of the human kidney.
Some adaptation procedures were necessary. The feeding renal artery and the main renal vein of Table 1 are comparable to the lobular branches of the segmental arteries and veins. Therefore, the physical settings were calculated in order to create a vascular condition similar to the one found in a human renal lobule (cf. physical settings/pressure adaptation).
The aim of the present study was to create a hemodynamic model of the renal vascular system using the COMSOL Multiphysics Software. 7 In order to define the vascular dimensions and flow characteristics of the kidney, data were first collected from literature. Based on the latter, the complex geometry of the intrarenal vessels was constructed. Afterwards, hemodynamic simulations in stationary and time-dependent conditions were performed, and the results analyzed. This permitted us to compare the in silico results to the in vivo and in vitro data found in literature, and thus, evaluate their significance.
Furthermore, pathological conditions were simulated by introducing modifications to the geometry such as a progressive arterial constriction as found in atherosclerosis.
MATERIALS AND METHODS

Geometrical Model
The geometry was constructed based on the average data given in literature. This idealized kidney model has allowed to study basic flow behavior. One of the most important steps in the modeling process is the creation of a good mesh, since the number of mesh elements determines the quality of the results as well as the computation time. It is essential to create an intelligent distribution of the mesh quality, making a finer mesh onto the areas of interest such as the inlet and outlet boundaries, and the bi-and trifurcation regions, while the mesh can be coarser on the remaining regions. The number of elements used for computation was above 2,300,000. The simulations were performed on a 32 core computer and has required 24 GB of memory. The computational time for each case was a bit more than 24 h (between 87,000 and 88,000 s).
The fluid was defined as an incompressible Newtonian liquid with a density of 1059.5 kg m 23 and a dynamic viscosity of 0.003 Pa s. These values are comparable to the ones found in human blood. 21 Two types of studies were used, first stationary and then time dependent. 
Stationary Study
Boundary conditions were determined as a constant inlet pressure of p in = 12,621 Pa, and an outlet pressure of p out = 12,491 Pa in the arterial tree. The inlet value was adapted from the mean pressure in the human renal artery, equivalent to 12,799 Pa (96 mmHg) according to the literature. 44 The outlet pressure was deliberately defined according to Ufendahl et al.'s 39 statement that the pressure drop up to the arcuate arteries was negligible. The pressure drop was assumed to be about 1.6%. For the venous tree the inlet pressure p in was set at 740 Pa and the outlet pressure, p out , at 547 Pa.
Time Dependent Study
The time dependent study was restricted to the arterial tree. We determined the inlet boundary condition as a variable pressure with the following time dependent function:
where p sys was set at 14,000 Pa (105 mmHg) and p dias at 10,488 Pa (78.6 mmHg), corresponding to the pressures at the entry of the lobule for systemic systolic and diastolic pressures of 14,265 Pa (107 mmHg) and 10,666 Pa (80 mmHg) respectively (cf. ''Pressure Adaptation'' section), and f(t) is a periodic function of a pulsatile cycle as described in Vasava et al.'s study of the human pulse. 42 The frequency was set at 60 beats/ min (1 Hz). Table 2 
describes function f(t).
We have modified this function to make it continuous for every time step. The outlet pressure p out remains constant at 10,320 Pa.
For the detailed studies of the time dependent flow, specific points and branches were chosen. The definition of that geometrical setup can be found in Fig. 1 .
Pressure Adaptation
Considering the geometry equivalent to one lobule of the human kidney, we had to adapt the flow characteristics of the model.
According to Poiseuille's law:
R is the resistance of the system:
where l is the dynamic viscosity; L is the length of the pipe. According to the literature the length of the human renal artery, L RA , is about 0.04 m; Q is the blood flow. According to the literature the renal blood flow in humans, Q RA , is about 1 L min
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(0.0000167 m 3 s 21 ); r is the radius of the pipe. According to the literature the diameter of the human renal artery is about 5 mm (cf. Tables 3, 4) . Though, the radius r RA is 0.0025 m.
Using these values, the resistance in the renal artery is: R RA = 7,822,784 Pa s m 23 . The renal artery divides into five segmental arteries before entering the lobules. These arteries are in parallel. Assuming that there is the same resistance in each segmental artery (SA), the main resistance of the segmental part (TSA) will be:
The length L SA is 0.03 m 30 and the radius r SA is 0.002 m, therefore we find R SA = 14,323,945 Pa s m , though, DP = (R RA + R TSA ) Q = 178 Pa. So the pressure difference drops by 1.4% between the entry of the kidney and the artery at which the geometry of the model begins.
The equations were solved with a GMRES solver with preconditioning. 7 
Simulation of Pathologic Conditions
Based on the sub-mentioned time-dependent simulation, pathologic conditions were created by introducing a constriction region to one of the three main arteries (Strahler's order 9). The introduced obstruction was the result of the intersection between a newly added sphere and the arterial tree model. The intersection volume was increased gradually to three constriction levels as shown in exact value in Table 5 .
Using the physical settings and features described above, a model of the renal vascular system representing the perfusion of one lobule up to the arcuate arteries was created.
RESULTS
The largest resistance to flow in the renal arterial tree is encountered within the interlobular arteries and the arterioles as described in Table 5 . The pressure values of the different vascular segments of Table 6 are independent of each other. This explains the non-linear distribution of pressure. Nevertheless, the literature data are unified in giving the largest pressure loss to the interlobular region, also called, the radial arteries, due to their perpendicular and perforating position to the renal surface. This configuration, added to their highly muscular wall, makes them the first resistance site of interest in the renal circulation. 39 According to Pries et al., 28 the contribution of microvessels to total peripheral resistance is strongly affected by diameter-dependent variation of blood viscosity. This phenomenon is known as the FahraeusLindqvist effect. It says that the decrease of apparent blood viscosity continues down to a diameter of 10 lm. After that, a steep increase of viscosity is observed for diameters approaching the minimum cylindrical diameter of normal human erythrocytes. The hematocrit drops down in capillaries to 10-12% and this additionally influences viscosity. We have focused on the vascular system of the much larger scale than a few RBC diameters. Hence, the viscosity was chosen as constant.
Renal arterial flow has been measured extensively. Despite the different geometries the velocity profile in different aortorenal bifurcation was very similar. 46 Hence, we have chosen only one standard profile. The maximal velocity was measured in dog feeding arteries (0.6 m/s with the pulse cycle tree time faster than for humans). 15 For humans the maximal observed velocity was 0.75 m/s 3 and 0.6-0.7 m/s, 45 and 0.52 m/s. 47 This confirms our assumption with respect to the choice of the pressure drop and resulting flow velocity. The simulations of physiological and pathological conditions were performed. Physiological conditions included stationary and time dependent flow. Pathology was introduced as a constriction of the arterial vessel. Thrombosis in arteries and veins can be observed from damages to the vessels, slowing of the blood flow (stasis) and an increased coagulability of the blood. In the kidney vein thrombosis were reported in. 2, 29 Renal arterial stent induced thrombosis was described in Dobbeleir et al. 11 and Cai et al.
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The physiological condition results show parameters at which the kidney can operate. Especially important for understanding flow conditions in the kidney are pressure and shear rate. Adequate pressure results in a sufficient flow and shear rate indicates area, which are more prone for obstruction formation and flow separation regions. Figure 2 shows the arterial tree pressure and shear rate distribution. The surface shear rate is maximal at the bi-and trifurcation areas. The largest pressure drops are along the longest branches. The highest shear rate is present in junctions and it is relatively low. Thrombosis generally occurs if the shear rate is of the order of magnitude larger than the one observed in our paper. Figure 2 shows pressure and shear rate results for the venous tree. The largest pressure drop occurs in the small vessels. The pressure is much smaller, although the pressure drop is comparable to the arterial tree, and it results in a much larger shear rate. Again, the junctions are the regions with increased shear rate. As expected from clinical observation, the venous tree is more prone to thrombosis formation than the arterial tree. Nevertheless, physiological conditions are far away from the ones observed during thrombosis formation.
At maximal pressure difference between the inlet and outlet (time 0.5 s) a secondary flow (vortices) was observed in the proximal portion of the arterial branches. Such a secondary flows may result from transverse pressure gradients. 24 This phenomenon might be the result of a physiologic flow reversal, as it is seen in some pulsatile flow studies. Figure 3 shows the time dependent study for the physiological and the most severe pathological condition. The pressure variation shows the dependence of the position in the arterial tree and follows a gradual proximal to distal distribution. The time-dependent variation of pressure is comparable to the data found in literature. The pressure drop behaves similarly as in the steady state simulations. The shear rate values are however much larger due to the fact that the time dependent variation in flow velocity introduces vortex formation. The pathological condition is visibly influencing branch where the constraints were introduced. To better understand the differences between these states more analysis were performed, showing point values of specific parameters. Figure 3 shows the time distribution of the magnitude of the velocity at the points given by Fig. 1 . Branch 3 is the branch not affected by any pathology. Branch 1 is the one where the geometrical obstruction was introduced. The pathological condition results in an increase of pressure in branch one. This is especially well visible at point B1. Another important result is that an induced pathological condition has only a minimal effect on other branches (branch two is identical with branch three). Only a very restrictive pathological condition such as pathology number three significantly effects a pressure drop and only in the branch with the pathology. The boundary conditions of the flow ensure that the pressure drop is constant. The obstruction reduces the diameter of the vessels, hence the flow velocity must increases. Figure 4 shows the velocity changes and it can be seen that indeed the velocity magnitude after the obstruction is higher than in the healthy branch. In addition there is a higher flow through the healthy branch. The velocity is time dependent and correlated with the vortex structures present in pathological and healthy conditions. Hence the changes at point B are significant. This is better seen in the following pictures presenting vortex structures. For the normalized velocity magnitude a shift in the cycle can be noticed. The maximum velocity still is at the same place, but the flow after it differs especially for the condition with a significant obstruction. It can be seen for pathology number 3, that both healthy and disturbed branches, are affected by the cycle shift, especially the healthy one, which needs to support an increased mass flow rate.
31
Reynolds numbers are in the range of values characteristic for laminar flow with separation for points A-C and creep flow for points D, E. Similar to the results of the pressure distribution only a very severe pathology influences the Reynolds number distribution. The maximal inflow Reynolds number is between 70 and 90. Figure 5 presents pressure, Reynolds numbers and the velocity magnitude along the length from the entrance at two times (0.5 and 0.8 s within the cycle). The characteristics are similar for both times and strongly depend on the induced constriction. The effect depends on the magnitude of the constriction and on the affected branch (branch 1)-flow differs significantly for pathology 2 and pathology 3. In addition the healthy branch for the case of the most severe restriction (pathology 3) was plotted. Changes in velocity are visible and significant close to the constriction region. This is due to the different flow patterns induced by the pathology. Figures 6 and 7 show streamline distributions for various cuts to illustrate how the pathology influences the three-dimensional flow structures. Figure 6 presents time dependent frames showing the constriction influence. For the most severe one flow is being directed to a different branch. Figure 7 is a zoom picture of the similar view. It can be seen that at time 0.5 s symmetric vortices are observed. In pathological conditions this symmetry is gone, as expected. However, when the asymmetry in constrains raises, an asymmetric flow is induced and separation is not present even in the healthy branch. This means that the more severe pathology influences the global flow structures. It can be seen that other separation patterns are present during pathological conditions in the neighboring healthy branches.
The fact that this separation occurs only during systole but not during the rest of the cycle, speaks against a fully developed separation phenomenon according to Despard and Miller. 10 A full separation would be observable during the entire pulsatile cycle. Figure 8 shows mass flow rate curves as a function of time. First is the mass flow rate value in the main branch (Q 0 ) in relations to the split values (Q 1 ). At normal conditions the time curve follows the imposed impulse characteristic. The mass flow rate characteristics for the pathological conditions are also plotted in relation to the healthy and pathological branches. For normal conditions this would be a constant value. However, the observed difference is in the value as well as in the pulse characteristics. This is most visible for the pathology 3, but changes in the pulse characteristic can already distinguish between pathology 1 and pathology 2.
DISCUSSION
A model representing part of the renal vascular system was created with the COMSOL multiphysics software. By defining inlet flow in a stationary and time-dependent manner, different aspects of the renal perfusion such as the pressure distribution in the arterial tree, the velocity magnitude at different sections, and the zones of high surface shear rate were studied. By calculating the Reynolds number, the flow regime was predicted laminar. Further simulations on pathologic conditions showed a pressure drop and velocity increase in the constricted region. Renal artery stenosis was extensively investigated in recent years. Examples: CFD simulations to estimate pressure drop 20, 48 using turbulence models to predict precise vortex separation structures. In our model the obstruction is introduced further downstream in the kidney in the laminar flow regime. Additionally, we are following the influence of the obstruction on the whole kidney blood flow, which was not presented until now in modeling studies except in some animal experiments. For example, the kidney filtration in swine was reduced significantly by stenosis. 40 In another experiment, electron beam computerized tomography was applied to look at flow in the obstructed kidney. 27 However, the existing results give only a global view of the intrarenal hemodynamics omitting the regions of high interest involved directly in the pathogenesis.
The model presented here has a significant advantage. It shows the direct and indirect hemodynamic effects of a virtually applied constriction on the zone of interest. In the presented studies, the pathological constrictions not only reduce the value of the flow rate, but also shift the pulse curve characteristics. Furthermore, the vortex formation in such case is different from the normal condition and influences the flow in the entire kidney. Thus, the global approach of modeling the vascular system in an entire organ gives us additional insight into the effects on hemodynamics in not directly affected regions.
All these findings may have some potential diagnostic and clinical implications. In silico simulations of particular or not easily diagnosable conditions, such as stenosis with atypical and complex geometry and localization or modeling of initial pathological stages, could help us to perform quantitative and qualitative flow analysis in well-defined areas and subsequently identify and validate new diagnostic parameters and procedures in the field of sonography and magnetic resonance. Moreover, the analysis of the characteristics of simulated flows of intrarenal and extratrenal stenosis and their correction could enable the analysis of the effects of luminal geometry and surface properties and give rise to the development of optimal stents, endoluminal angioplasty procedures and operative techniques in vascular surgery.
The presented work is a first step toward a challenging project aiming at the creation of a fully mechanistic, accurate, and clinically relevant model of the human renal vasculature fulfilling all the requirements to perform realistic simulations of pathological conditions. To achieve this, many steps still have to be taken. First, the model has to be finalized by solving the 3D configuration problem, and adding the remaining vessels, namely, the interlobular arteries and the afferent and efferent arterioles together with the glomerulus. This way, a complete lobular vascular unit would be created. This unit could be later multiplied by the number of lobules in the human kidney, varying between eight and eighteen according to Dworkin et al. 12 Segmental arteries linking these lobules to the main renal artery should also be introduced in order to complete the arterial tree of the human kidney. After that, an elastic component defining the vessel walls and giving them their physiologic compliance would be of interest. Also, blood could be defined in a more complex way, using the immersed body law to predict the flow regime and taking into account regional viscosity dependent variations of the hematocrit. Finally, the obtained simulations should be validated with real data taken from measurements during duplex-sonographic examinations of the kidney. 34 
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